A three-dimensional (3D) knee joint computational model was developed and validated to predict knee joint contact forces and pressures for different degrees of malalignment. A 3D computational knee model was created from high-resolution radiological images to emulate passive sagittal rotation (full-extension to 658-flexion) and weight acceptance. A cadaveric knee mounted on a six-degree-of-freedom robot was subjected to matching boundary and loading conditions. A ligamenttuning process minimised kinematic differences between the robotically loaded cadaver specimen and the finite element (FE) model. The model was validated by measured intra-articular force and pressure measurements. Percent full scale error between FE-predicted and in vitro-measured values in the medial and lateral compartments were 6.67% and 5.94%, respectively, for normalised peak pressure values, and 7.56% and 4.48%, respectively, for normalised force values. The knee model can accurately predict normalised intra-articular pressure and forces for different loading conditions and could be further developed for subject-specific surgical planning.
Introduction
Osteoarthritis (OA) is a degenerative disease that often leads to significant pain, loss of joint function and is the leading cause of physical disability in the elderly (Cooper et al. 2013) . The World Health Organization reported that OA accounted for 1% of total deaths in 2002 worldwide and was projected to be the tenth leading cause of disability adjusted life years (2.5%) in high-income countries by 2015 (Mathers and Loncar 2006) . About 14% of men and 23% of women over 45 years of age in the USA and Europe show radiographic signs of knee OA (Valkenburg 1980) . The total annual cost of OA to the UK economy is estimated at £12 billion (1% of the annual gross national product) and $185.5 billion to the USA (Mathers and Loncar 2006) .
Joint malalignment is a strong predictor of the development and progression of OA (Petersson and Jacobsson 2002) . Absent a cure, current therapeutic approaches cannot arrest or reverse disease progression for OA. As little as 58 of varus malalignment increases the compressive forces in the medial compartment from 70% to 90% of the total knee joint load (Tetsworth and Paley 1994) . A slight malalignment may initiate a vicious cycle where the increased compartment pressures produce more laxity and joint deformity, thereby increasing malalignment perpetuating the process (Coventry , 2001 . A prospective study by Sharma et al. (2001) suggested that knee OA can progress in as little as 18 months if treated in a palliative manner (Sharma et al. 2001) .
Excessive joint pressure is considered the common pathway that damages tissues within the diarthrodial joint. The effect of different treatment strategies on the magnitude of knee joint contact loading and compartmental distribution is not well understood. Furthermore, planning surgical procedures to relieve damaged tissues from excessive loading is limited.
High tibial osteotomy (HTO) is a surgical technique used to correct lower limb malalignment in mild to moderate knee OA patients . The clinical standard of care is for surgeons to use a two-dimensional (2D) frontal plane radiograph to plan alignment correction, based on reducing the deviation from the knee centre to the q 2014 Taylor & Francis *Corresponding author. Email: rajshree.mootanah@anglia.ac.ukmechanical axis (a line connecting the centres of the hip to the ankle). This procedure has met with inconsistent results and differing 10-year survivorships (Rinonapoli et al. 1998; Virolainen and Aro 2004; Dowd et al. 2006 ). However, given that the HTO does not violate the joint, it may be considered a conservative procedure for treating knee OA.
Computer modelling (Specogna et al. 2007; Bhatnagar and Jenkyn 2010) , cadaveric and gait (Johnson et al. 1980; Andriacchi et al. 2000; Hurwitz et al. 2002) studies have contributed some basic understanding (Andriacchi et al. 2000; Chao 2003; Zhim et al. 2005; Agneskirchner et al. 2006 ) of the procedure but no method currently exists to plan malalignment correction to minimise excessive knee joint pressure (Dorsey et al. 2006; Esenkaya et al. 2007; Bhatnagar and Jenkyn 2010) . The 2D model implemented in the OASIS software by Chao et al., although capable of estimating contact forces, cannot predict contact stress (Chao and Sim 1995; Chao 2003) . Furthermore, Chao's model is constrained to the frontal plane and is limited in its capability to evaluate loading response at different sagittal knee flexion angles to simulate peak loading during the gait cycle.
The specific aims of this study were to develop and validate a three-dimensional (3D) computational knee joint model. Model validation was carried out by comparing the predicted knee joint contact mechanics with those obtained from in vitro experiments, using the same cadaveric knee from which the model was built and identical loading conditions.
We hypothesise that tibio-femoral contact mechanics (normalised peak pressure, force and compartmental force distribution) of the cadaver specimen and corresponding finite element (FE) model predictions will agree within 10% for the same boundary conditions.
Methods
A subject-specific FE model of a cadaveric knee joint was created and compared with in vitro testing that emulated the end of weight acceptance during the stance phase of gait, when the knee is subjected to high loads. This model is an implicit quasi-static model. Loading levels were changed very slowly in the cadaver testing. Discrete loads were applied to the FE model (axial force and bending moments) and the resulting joint contact forces and stress were computed.
Model specimen
The left lower extremity of an anonymous 50-year-old male was obtained from a tissue bank, screened negative for blood-borne pathogens, truncated to 15 cm above and below the knee joint, secured in a sealed plastic bag and taken to the Hospital for Special Surgery (HSS) Radiology Department for magnetic resonance imaging (MRI).
3D imaging protocol of the knee
MRI data of the knee joint were generated with different contrast mechanisms. Scanning was carried out on a clinical 3.0 T system (GE Healthcare, Waukesha, WI, USA), using an eight-channel transit-receive phased array knee coil (Invivo, Orlando, FL, USA). Two scanning sequences (3D T1-weighted frequency selective fat-suppressed spoiled gradient recalled echo (SPGR) and 3D CUBE) were acquired to generate a volumetric data-set for segmentation of cartilage, bone, meniscus, and ligament structures to visualise each tissue (Figure 1) .
Acquisition parameters for the 3D SPGR sequence were as follows: TE, 3 ms; TR, 14.6 ms; acquisition matrix, 512 £ 512; number of excitations, 2; field-of-view, 15 cm; slice thickness, 0.6 mm; receiver BW,^41.7 kHz. Parameters for the 3D CUBE sequence were as follows: TE, 33 ms; TR, 2500 ms; acquisition matrix, 512 £ 512; number of excitations, 0.5; field-of-view, 15 cm; slice thickness, 0.6 mm; echo train length, 42; receiver BW,^41.7 kHz. The in-plane resolution for both series was 0.29 mm £ 0.29 mm.
Dicom images of the MRI data-sets were imported into Mimics V14.2 (Materialise, Leuven, Belgium). The CUBE sequence was used to create 3D representations of the menisci and ligaments. The SPGR sequence was used to create representations of the bones and cartilage. Tissue segmentation was carried out using the interactive 3D LiveWire tool, which is particularly suitable for low contrast images (Figure 2 ) to create 3D masks of the different tissues. The masks were then used to create individual 3D models of the different knee structures.
Surfaces defining ligament attachment on bones were created, using the computer-aided design (CAD) and primitive modules of Mimics in preparation for loading and boundary conditions in the FE model. The surface mesh was smoothed and re-meshed, using the three-matic module of Mimics to minimise the surface irregularities, number of tiny elements and unnecessary computational burden. 
3D assembly of the knee joint model
The creation of adjacent anatomical structures in any CAD package inevitably results in gaps or overlaps at surfaces in contact. To avoid contact boundary gaps or overlaps when creating the FE model, common borders between adjacent masks were created using the 'non-manifold assembly' algorithm, a useful tool in Mimics for structures with complex and irregular geometries.
As an illustration, to create the cartilage -femur nonmanifold assembly, the femur surface geometry was used to identify the femur -cartilage common boundary. The inner cartilage surface was made to penetrate the distal femur to eliminate any gap at the interface (Figure 3(a) ). The non-manifold assembly tool was then used to superimpose the femur boundary on the femoral cartilage to eliminate the cartilage region that overlapped into the femur (Figure 3(b) ). This process ensured a matching contact boundary and subsequent convergence of computational analyses. It was repeated until all anatomical structures comprising the knee joint were included. A 3D surface assembly model of the knee joint was created and exported to CATIA V5R18 CAD package (Dassault Systèmes, Vélizy-Villacoublay, France), where solid geometries of the different tissues were created to generate a 3D solid FE knee joint assembly model (Figure 4) .
FE model of the knee joint

Geometry
The solid 3D knee joint assembly model (Figure 4 ) was exported to ABAQUS V6.11-2 (Dassault Systèmes) where the osseous and soft tissues were meshed with linear tetrahedral and eight-noded hexagonal elements, respectively, to predict joint contact mechanics. To accommodate hexahedral elements, a special 3D spline function in CATIA was used to truncate edges with very thin thicknesses ( Figure 5 (a),(b)).
Following the application of boundary and loading conditions, sensitivity analyses were conducted on element size for the different anatomical geometries to ensure that peak joint pressures did not change by over 5% (Tables 1 and 2 ). Case 3 was selected because it required less computational time to solve while maintaining an error of less than 5% compared with the reference model. Coarser meshes gave unacceptable errors.
Given the thinness of the articular cartilage and inner periphery of the menisci, aspect ratios of up to 3.0 were used for these tissues (femoral cartilage: 1.70; medial tibial cartilage: 1.53; lateral tibial cartilage: 1.44; meniscus: 2.96). A sensitivity analysis was carried out to investigate whether the four-noded tetrahedral elements (linear) gave similar results to 10-noded tetrahedral elements (quadratic) for the bones. The forces and contact pressures were compared between the two models. Percent full-scale error (FSE) for force and peak pressure between the two element types was 1.5%. The bony tissues were therefore modelled using fournoded tetrahedral elements.
The knee joint assembly FE model ( Figure 6 ) included 3D representations of the tibia (57,546 elements), femur (86,207 elements), fibula (14,985 elements), femoral cartilage (11,044 elements), lateral tibial cartilage (2982 elements), medial tibial cartilage (2006 elements), menisci (4314 elements), anterior cruciate ligament (ACL; 597 elements), posterior cruciate ligament (PCL; 688 elements), medial collateral ligament (MCL; 10,810 elements) and lateral collateral ligament (LCL; 1386 elements).
Boundary conditions
Attachment of each ligament and cartilage to bone was modelled by merging the nodes on the corresponding surfaces that were previously created, using the three-matic routine in the Mimics software. Cartilage-cartilage and cartilagemeniscus contact surfaces were simulated by zero-friction sliding contact elements ( Figure 6 ). Each meniscal horn was fixed to the tibial plateau to simulate anatomical attachment. The peripheral rim of the meniscus was attached to the tibial plateau using spring elements to simulate attachment to the joint capsule. The proximal femur was mechanically grounded in all six degrees of freedom to replicate in vitro testing. The distal tibia was free in five degrees of freedom and fixed in 208 of sagittal plane knee flexion to simulate the end of weight acceptance during the stance phase of gait, when the knee joint is subjected to higher loading.
Loading conditions
The loading conditions of the FE knee simulated those of the in vitro tests. A 374-N axial load was applied along the tibia to the knee centre, as defined by the Grood and Suntay joint coordinate system (Grood and Suntay 1983) . Varus and valgus bending moments, ranging from 0 to 15 Nm, were then applied about the knee joint centre to simulate different degrees of malalignment ( Figure 6 (a)).
Coordinate system A Grood and Suntay coordinate system (Grood and Suntay 1983) was created for both the FE model ( Figure 6 and experimental specimen (Figure 7 (a)-(e)), using the tibial condyles, femoral epicondyles and the most distal posterior location on the tibia as bony landmarks. This allowed computation of the relative position of the tibia with respect to the femur for both the experimental and FE models so that kinematic data could be compared.
Ligament tuning
Soft-tissue material properties depend on factors, such as synovial fluid, age and level of activity, and vary among individuals. Moreover, ligaments engage (exhibit tensile loading) at different knee positions. In order to match the FE model ligament material properties to those of the cadaver, a two-stage ligament tuning process was developed. Initial material properties of the ligaments were obtained from the literature.
First, the cadaveric specimen was moved by the robot actuator, in a minimum load path, from full extension to 658 flexion. The FE model ligament properties were adjusted iteratively until the kinematics of the tibia relative to the femur closely matched those in vitro in all six degrees of freedom (Figure 8 (a),(b)). Secondly, a 374-N axial load and varus/valgus bending moments, spanning from 0 to 15 Nm, were applied to the distal tibia; the model ligament properties were further adjusted until knee model kinematics matched those in vitro in all six degrees of freedom (Figure 8(c),(d) ). Table 3 presents the material properties assigned to each anatomical structure within the knee joint (Schreppers et al. 1990; Seedhom 1997, 1999; Perie and Hobatho 1998; Weiss and Gardiner 2001) . The meniscus was modelled as a linear elastic, transversely isotropic material. Neo-Hookean hyperelastic material properties Note: There was a maximum of 1.5% full-scale error (FSE) in force and contact pressure between the two element types.
Material properties
were used to represent the cruciate and collateral ligaments. Young's modulus values (E) for each ligament, from full extension to 658 flexion and with an axial load of 374 N and a bending moment spanning 215 Nm (valgus) to 15 Nm (varus) were obtained after the ligament tuning process described above (Figure 8 
(a)-(d)).
Linear increments in ligament Young's moduli were applied in the FE model as bending moments increased from 0 to15 Nm varus and valgus. The shear (m 0 ) and bulk (K 0 ) moduli were obtained from the modulus of elasticity E and Poisson's ratio y.
Neo-Hookean coefficients, D 1 and C 10 , were calculated, using the bulk and shear moduli, respectively, and input to the strain energy density function within Abaqus to define the soft-tissue properties.
The material properties for each ligament at different angles of flexion are presented in Figure 9 . The LCL, MCL, ACL and PCL material properties at normal alignment and varus and valgus malalignment at the end of weight acceptance are summarised in Table 4 . Our ligaments properties were consistent with values reported in the literature (Butler et al. 1986; Quapp and Weiss 1998) .
In vitro investigation on the cadaveric knee A Taylor Spatial Frame (TSF) was fixed to the prepared cadaveric knee for subsequent simulations of lower limb malalignments and HTO corrections (Figure 7(a) ). The knee was then positioned upside down in a six-degree-of-freedom Kawasaki robot with the proximal femur mechanically grounded to a floor-mounted fixture and the distal tibia affixed to the robot gripper and load cell (Delta, ATI, Inc, Apex, NC, USA) (Figure 7(b) ). The robot used force feedback to determine the kinematic pathway to achieve the desired loading conditions within a prescribed tolerance of less than 5 N force and less than 0.5 Nm moment.
The specimen was oriented in accordance with normative movement data (obtained from the Leon Root Motion Analysis Laboratory at HSS) in a position emulating weight acceptance during stance (208 flexion), which occurs during maximum varus thrust just after the diagonal weight shift following heel strike. The applied axial load and bending moments were within the limits of the six-degree-of-freedom load cell.
Pressure at the tibial plateau was recorded using a 0.2-mm-thick Kscan 4010 sensor (Tekscan, Inc., South Boston, MA, USA). This sensor consists of two separate measurement areas, each with a total matrix width and height of 68.1 and 43.9 mm, respectively. The transducer resolution was 25 sensels/cm 2 . Following equilibration and calibration (Figure 7(c) ), the pressure sensor was positioned on the tibial plateau and sutured to the base of the ACL and the posterior capsule (Figure 7(d) ) to record contact pressures in the tibio-femoral joint. Medial and lateral compartment pressures and forces were measured in response to the externally applied forces and moments by the robot (Figure 7(e) ).
Sensitivity analyses were carried out on material properties of bones and soft tissues to identify those that were critical to joint contact mechanics. A custom analysis program was developed in Matlab (MathWorks, Natick, MA, USA) to evaluate the cadaveric knee loading in the medial and lateral compartments. To compare the trends of FE-predicted and in vitro-measured peak pressure and compartmental force values, these loading parameters were normalised to the corresponding maximum compartmental value. The normalised FE-predicted and in vitro-measured values were compared for model validation. The percentage load acting in the medial and lateral compartment of the knee were computed and compared with published data and a static equilibrium numerical approximation. Figure 11(a),(b) shows graphs of the in vitro and computer-simulated normalised medial and lateral compartmental pressures and forces, respectively, during loading. Table 5 presents the absolute and normalised in vitro and FE results of (1) the medial and lateral force, (2) the medial and lateral peak pressures, (3) the corresponding root mean square error (RMSE), in bold, (4) the percentage full scale error (% FSE) for peak pressure and force in the medial and lateral compartments and (5) the percentage of force acting in the medial and lateral compartments.
Results and analysis
Peak pressure in the tibial cartilage
A 15-Nm varus bending moment increased pressure in the medial tibial cartilage and decreased pressure in the lateral tibial cartilage for both the in vitro (Figure 10 Figure 11(a) shows that for both the FE model and the in vitro investigations, normalised peak pressure increased monotonically in the medial (lateral) compartment and decreased in the lateral (medial) compartment as varus (valgus) bending moment increased from 0 to 15 Nm (Figure 11(a) ). Peak pressure was normalised to the corresponding maximum compartmental peak pressure. After normalisation, the FSE (%) between FE-predicted and in vitro-measured peak pressures was 6.67% in the medial and 5.94% in the lateral compartments.
Compartmental forces in the tibial cartilage
Figure 11 (b) shows that for both the FE model and the in vitro investigations, normalised force increased monotonically in the medial (lateral) compartment and decreased in the lateral (medial) compartment as varus (valgus) bending moment increased from 0 to 15 Nm (Figure 11(b) ). Force values were normalised to the corresponding maximum compartmental force. After normalisation with the corresponding maximum compartmental forces, the FSE (%) between FE-predicted and in vitro-measured forces was 7.56% in the medial compartment and 4.48% in the lateral.
As varus bending moment increased, the ratio of the force in the medial compartment to the total force acting in the knee joint also increased, while the ratio of the force in the lateral compartment to the total force decreased for both in vitro and FE studies. The reverse occurred during a 0 -15 Nm valgus bending moment (Table 5 , Figure 12) . The model was also verified by a simple frontal plane static equilibrium calculation for varus and valgus bending moments at lift off ( Figure 13 ). The distances from the knee joint centre, measured from MRI scans, were 40 mm to the medial and lateral ends of the tibial plateau and 45 mm to the LCL and MCL. Given the cylindrical shape of the femoral condyles, the points of contact between the distal femur and the proximal tibia were approximated to be in the middle of each compartment (20 mm from knee centre) throughout the bending moments. LCL force was ignored at valgus lift off and MCL force was ignored at varus lift off due to slack. Bending moments resulting from forces in the ACL and PCL were ignored due to the close proximity of the line of force from the joint centre.
In vitro Results
Finite Element Results
MPa
Lift off occurs when the total 374-N axial force shifts to one compartment. From Figure 13 , the bending moment M causing lift off in either compartment was estimated as 9.35 Nm, calculated as (374 £ 0.045) -(374 £ 0.02) Nm. Table 5 and Figure 12 show that the normalised in vitro-measured force in the medial compartment was more than 92% of the axial total force when the varus bending moment reached 9 Nm.
Lateral compartment loading reached 92% when an 11-Nm bending moment was applied. The FSE (%) between normalised FE-predicted and in vitro-measured forces was 8.05% for both medial and lateral compartments.
Discussion
A method for the development and validation of a subjectspecific FE model of the tibio-femoral compartment of the knee joint is presented. The FE knee model used tissuespecific MRI-scanning sequences and Mimics-based image processing to represent the 3D geometry of knee joint tissues. The geometries of bone, meniscus, cartilage and ligaments influence the force and pressure values in the knee joint. Hence, the subject-specific FE knee model was created from 3D MRI data-sets of the same knee that was used for the experimental validation. The same loading conditions were applied to the FE model and the cadaveric specimen to assess model performance. The magnitudes of the absolute medial and lateral force and pressure values are influenced by soft-tissue material properties. We ensured that the correct tissue properties were used in the FE model by tuning the collateral and cruciate ligaments to obtain matching computational and experimental kinematics of the tibia relative to the femur. In the process of building this model, we needed to consider that ligament properties were nonlinear, varied as a function of angular position, engaged as a function of angular position or loading, and were hence important for the estimation of contact loading. Material properties from the literature served as a starting point but they did not describe the precise properties of this specimen's ligaments nor did they specify when the ligaments became engaged. Model ligament properties were 'tuned' (adjusted) such that the knee kinematics matched those of the cadaveric specimen. Our intention was not to validate the kinematics, but use these measures as a tool to tune the ligaments. The purpose of this study was to validate the joint contact force and stress prediction of our computational model. The model was designed to predict contact mechanics; the ligament properties were only one of the components that contributed to the knee joint stress prediction.
Knee joint contact mechanics are influenced by bone and soft-tissue geometries, as well as pathologic states. Our validated FE model can be virtually modified to simulate the arthritic joint and other pathologic states, as well as treatment methods to further understanding of these parameters.
FE-predicted normalised forces and peak joint pressures in the medial and lateral tibial cartilage agreed with those obtained from in vitro tests for every loading condition. Absolute FE-predicted force values were higher than in vitro-measured values (normalised medial and lateral force FSE (%): 7.56% and 4.48%, respectively). This was expected because some of the load-bearing anatomical structures could have been physically outside the force transducer sensel areas and not recorded by the sensor matrix. Moreover, the numerical approximation of bending moment at lift off agreed closely with in vitro-measured and FE-predicted values. These results (,7.6% FSE) confirmed our hypothesis that tibio-femoral contact mechanics of the cadaver specimen and corresponding FE model predictions agreed within 10%. These results serve as a benchmark for improvement in modelling nonlinear properties of irregular geometry in our future work.
Other investigators have validated their models by comparing their results with subject-specific cadaveric knee kinematics, kinematics of a different specimen or published kinematics, subject-specific in vitro results, in vitro results of different cadavers, or experimental results published by other investigators (Table 6 ). Outside of our work, no in vitro experiments using an intact knee have been carried out to validate the contact force and stress in a subject-specific knee model. The bottom three references in Table 6 did evaluate joint contact stress, but not in a subject-specific manner. This manuscript provides a methodology for developing a 3D subject-specific joint stress model and a procedure for independent validation. The model is subject-specific in terms of tissue geometries. Cartilage and meniscal properties were included from the literature. Initial ligament properties were obtained from the literature and then tuned such that model and cadaver kinematics were matched for the same angular excursions and loading levels.
Our results for compartmental forces agree with the experimental measurements of other investigators. These results, as shown in Table 5 and Figure 12 , illustrate that a typical 4-Nm varus bending moment in a well-aligned knee yield an in vitro-measured medial-to-lateral force ratio of 65:35 and an FE-predicted force ratio of 73:27. Medial compartmental loading of 60% -70% has been reported by a number of investigators (Schipplein and Andriacchi 1991; Tetsworth and Paley 1994; Agneskirchner et al. 2004; Thambyah 2007) . This is because the mechanical axis passes slightly medially to the healthy knee joint centre resulting in an adduction moment. Figure 11 (b) shows that as the varus bending moment was increased, medial compartmental force increased and lateral compartmental force decreased. In particular, our FE results in Table 5 show that an increase in varus bending moment from 4 to 8 Nm resulted in an increase in medial compartmental force percentage from 73% to 89%. This agrees with the work of Tetsworth and Paley (1994) , who reported that 58 of varus malalignment increases medial compressive loading from 70% to 90% (Tetsworth and Paley 1994) . Medial load transfer resulting from an increase in adduction moment, or varus malalignment, has also been reported (Tetsworth and Paley 1994; Zhao et al. 2007; Kutzner et al. 2010) .
FE model predictions for peak pressure values in the medial and lateral compartments in this study ranged from 0 to 2.51 MPa with a 381-N axial force and 15-Nm maximum bending moment. This is in line with other experimental and FE studies, in which corresponding contact pressures between 2.4 and 34 MPa have been reported for higher axial loads of 700-2000 N on simulated intact and injured or reconstructed knee joints (Donahue et al. 2002; Marzo and Morimoto et al. 2009; Adouni et al. 2012; Mononen and others 2012) . Compartment normalised force and peak pressures predicted by computer simulation in this study were consistent with those obtained experimentally. The subject-specific FE knee model will be enhanced in future versions by: evaluating knee joint contact mechanics throughout sagittal angles spanning the full range of motion during functional activities; including the patella and quadriceps musculo-tendinous forces, as well as hamstrings and gastrocnemius muscles; simulating different knee joint alignments to evaluate surgical realignment; and using more physiological tissue material properties.
Although the tissue geometries of the FE knee model were subject-specific, the material properties were acquired from the literature. Cartilage material properties can substantially influence knee joint contact mechanics (Shirazi et al. 2008) . However, our previous sensitivity analyses showed that a change in the material properties (meniscus, cartilage and ligament) affected the absolute compartmental force and pressure values, but not the relative values where loading was normalised to the peak values in each respective compartment (Mootanah et al. 2012) .
The ultimate aim of this investigational team was to use this approach for subject-specific HTO planning to improve surgical outcomes. Following further development and testing, the model will be applied to in vivo test subjects to assess its utility in obtaining improved outcomes. Such a model could form the basis of a subject-specific tool to guide orthopaedic surgeons towards obtaining realignment of a malaligned knee that minimises peak pressure within the joint.
Based on results of their OASIS surgical planning tool for malalignment correction, Chao et al. found that patients with medial compartment force ratios between 40 and 60% achieved a 100% 10-year survivorship (Chao and Sim 1995; Chao 2003) . OASIS, although limited to a 2D static standing posture, linear elastic elements for cartilage and ligaments, and a uniplanar osteotomy wedge angle, has increased HTO success rate (Chao and Sim 1995; Chao 2003) .
Our study adds to the sparse validation available in the knee modelling literature. Given the complex geometry and role of stabilising structures within the femoral -tibial joint, the investigators postulate that a 3D model, capable of predicting joint pressure, will yield further improvements in predicting alignment correction and clinical outcomes. Additional steps are required before this model may be applied clinically. However, this study represents the first step towards this important application, which is to validate the capability of a subject specific model for predicting joint forces and pressures experienced under load.
